Living tissues rely heavily on vascular networks to transport nutrients, oxygen and metabolic waste. However, there still remains a need for a simple and efficient approach to engineer vascularized tissues. Here, we created prevascularized tissues with complex three-dimensional (3D) microarchitectures using a rapid bioprinting method -microscale continuous optical bioprinting (μCOB). Multiple cell types mimicking the native vascular cell composition were encapsulated directly into hydrogels with precisely controlled distribution without the need of sacrificial materials or perfusion. With regionally controlled biomaterial properties the endothelial cells formed lumen-like structures spontaneously in vitro. In vivo implantation demonstrated the survival and progressive formation of the endothelial network in the prevascularized tissue. Anastomosis between the bioprinted endothelial network and host circulation was observed with functional blood vessels featuring red blood cells. With the superior bioprinting speed, flexibility and scalability, this new prevascularization approach can be broadly applicable to the engineering and translation of various functional tissues.
Introduction
Tissue engineering is an emerging field that develops artificial biological organ substitutes to address the shortage of donor organs for transplantations and provide tissue models for drug testing. One of the most fundamental challenges in the tissue engineering arena is to create functional vasculature that provides vital nutrition, oxygen and waste transport to the cells within the engineered tissue [1] [2] [3] . Without proximity (~150-200 μm) to capillary network, cellular viability and function will be compromised within a very short time, especially in highly metabolic and large-scale tissue constructs [2, 3] . To induce vascularization in implanted tissue substitutes, one strategy is to recruit the host vasculature by incorporating pro-angiogenic growth factors [4] [5] [6] . However, the use of growth factor in large scale is costprohibitive and not efficacious in vivo due to the relatively slow ingrowth process, which is unfavorable to cell viability during the first days post implantation [7, 8] . Prevascularization of the engineered tissues, by encapsulation of endothelial cells and supportive cells in vitro before implantation, has showed promising results in enhancing the vascularization, blood perfusion and cellular activity of the tissue graft in vivo [7, [9] [10] [11] . Further studies have demonstrated that compared to a randomly seeded endothelial network, spatially defined endothelial cords prepatterned with a polydimethylsiloxane (PDMS) mold can significantly improve the speed and extent of the vascularization of the engineered tissue after implantation [2] . The PDMS molding approach employed the self-assembly of the cells in collagen followed by the encasement of two fibrin layers, which is relatively timeconsuming (over 4 hours) and is limited to simple geometric designs of the vascular network. Recently, 3D stamping based on PDMS molding was used to build 3D scaffolds with different sizes of branched channels and micro-holes [12] . These scaffolds can be further perfused with endothelial cells to form hierarchical vasculature networks. Compared to the traditional PDMS molding technique, 3D stamping greatly improved the capability of engineering complex vasculature tissues. However, multiple molding and transferring steps as well as accurate alignment of the parts were required to produce these complex scaffolds, which is labor-intensive and not suitable for live cell encapsulation during the fabrication process. Moreover, both PDMS molding and 3D stamping require the manufacturing of new physical molds per each design change, which is costly and laborious. Thus, more sophisticated fabrication approaches featuring excellent flexibility, speed and versatility are still of great interest to the field of vasculature tissue engineering.
With proven flexibility and versatility, nozzle-based 3D printers have also been adopted to build perfusable 3D tissues with sacrificial inks, involving the extra process of dissolving the sacrificial network and perfusing the endothelial cells [1, 3, 13, 14] . Challenges such as clogging and bursting might occur during perfusion when this approach is used to engineer large-scale tissues with intricate vascular network featuring small vessel branches. Recently, nozzle-based bioprinters have been adapted to print endothelial networks directly with cellencapsulated bioinks, which is potentially useful for engineering large-scale vascularized tissues [15, 16] . Laser based SLA systems have also been modified to write 3D structures with cell-laden hydrogels [17] . However, with such serial line by line writing approaches, printing large-scale tissues is presumably time-consuming. Moreover, the mechanical integrity of the tissues printed in a serial fashion by nozzle or laser -based bioprinters is a concern especially at the interfaces of the lines. Digital light processing (DLP) based 3D printing has emerged as a next generation microfabrication technique, offering superior speed, resolution, scalability and flexibility for printing various complex 3D architectures with micrometer resolution [18, 19] . No physical masks or molds are needed in DLP based 3D printing process. Instead, a digital micromirror array device (DMD) is able to take digital 3D designs from a computer to control the 3D fabrication of complex structures. Compared to the raster scanning of nozzle based 3D printers, DLP based 3D printers are capable to continuously project and alter entire planes of photo-masks to fabricate 3D objects without artificial interfaces, which provides better mechanical integrity [18, 20] . More importantly, since the printing is based on the photopolymerization of a solution, a wide range of biomaterials as well as cells, nanoparticles, and biomolecules can be incorporated into the printed tissue constructs [21] [22] [23] [24] .
In this work, we present a rapid DLP based bioprinting method -microscale continuous optical bioprinting (μCOB) -to create prevascularized tissue constructs directly with unprecedented speed and resolution. The 3D-printed prevascularized tissues have complex microarchitecture and precisely controlled distribution of multiple cell types and biomaterial compositions. To simplify and speed up the tissue engineering process, endothelial cells and mesenchymal cells were printed directly into the designed vascular channels without the use of sacrificial material or perfusion. These cells formed lumen-like structures and functional endothelial networks spontaneously both in vitro and in vivo, which provides a much simpler and more efficient platform for engineering tissues with complex structures and functions.
Material and methods

Polymer and photoinitiator synthesis
Glycidal methacrylate-hyaluronic acid (GM-HA) was synthesized according to a protocol modified from previous work [25] . 1g of hyaluronic acid was first dissolved in 100ml of acetone/water (50/50) solution at room temperature overnight. 7.2ml tri-ethylamine (SigmaAldrich) and 7.2ml glycidyl methacrylate (Sigma-Aldrich) were added dropwise both at 20-fold excess in succession until thoroughly mixed. The solution was covered with aluminum foil and stirred overnight at room temperature. The resulting solution was then dialyzed against DI water with 3.5 kDa tubing (Spectrum Labs) at room temperature. The DI water was changed after 2 hours, 4 hours and 24 hours. The dialyzed solution was frozen overnight at −80 °C and then lyophilized for 48 hours at 0.040 mbar and −50 °C. The lyophilized GM-HA was stored at −80 °C for future use.
Gelatin methacrylate (GelMa) was synthesized according to a protocol adapted from previous work [26] . Briefly, 10% (w/v) porcine skin gelatin (Sigma-Aldrich) was dissolved into Dulbecco's phosphate-buffered saline (DPBS) by stirring at 60 °C. Methacrylate anhydride (Sigma-Aldrich) was added to the solution at a rate of 0.5 ml/min until the final concentration of 8% (v/v) MA was reached. The reaction continued for 3 hours at 60 °C with constant stirring. After 3 hours, the resulted solution was diluted 1:1 with warm DPBS and dialyzed against DI water with 13.5 kDa tubing for 1 week at 40 °C. The dialyzed solution was then frozen at − 80 °C and lyophilized for 1 week. The lyophilized GelMa was store at − 80 °C for future use.
Photoinitiator lithium phenyl-2,4,6 trimethylbenzoylphosphinate (LAP) was synthesized according to previously published work [27] . Briefly, 3.2g (0.018mol) of 2,4,6-trimethylbenzoyl chloride (Sigma-Aldrich) was added dropwise to an equal molar amount of dimethyl phenylphosphonite (3g, Acros Organics) with continuous stirring at room temperature under argon. After 18 hours, 6.1g lithium bromide (Sigma-Aldrich) dissolved in 100ml of 2-butanone (Sigma-Aldrich) was added into the previous mixture at 4-fold excess. The reaction was then heated to 50 °C and a solid precipitate was formed after 10 min. The mixture was allowed to cool down to room temperature and rest for overnight before filtration. 2-butanone was used to wash the filtrate and remove the unreacted lithium bromide. After 3 times wash and filtration, the excess solvent was removed by vacuum, leaving LAP in a white solid chunk state which was pestled into powder. LAP was stored at − 80 °C under argon for future use.
Cell and tissue cultures
Human umbilical vein endothelial cells (HUVECs, Lonza) were maintained in endothelial cell growth medium (EGM-2, Lonza) and C3H/10T1/2 cells (10T1/2s, ATCC) were maintained in Dulbecco's modified eagle medium (DMEM, Gibco) supplemented with 10% fetal bovine serum. HepG2 cells were maintained in DMEM (Gibco) supplemented with 10% fetal bovine serum. All cell cultures were passaged per the protocol from the respective vendors. HUVECs from passage 3-6 were used for the bioprinting experiments. The bioprinted tissue constructs were cultured in EGM-2 medium and the medium was changed every other day.
3D bioprinting of tissues
Before bioprinting, HUVECs and 10T1/2 cells were digested by 0.05% trypsin-EDTA and 0.25% trypsin-EDTA, respectively, and they were mixed at a ratio of 50:1 (40 million/ml HUVECs and 800,000/ml 10T1/2s) suggested by previous work [28] . Prepolymer A was prepared with 5% (w/v) GelMa and 0.15% (w/v) LAP. Prepolymer B was prepared with 5% (w/v) GelMa, 2% (w/v) HA and 0.3%(w/v) LAP. Prepolymer A was first used to print the isolated hexagonal regions (base layer) with the first mask on the left in Fig. 1A . After 15 seconds of UV exposure (88mW/cm 2 ), the unpolymerized part of prepolymer A was removed and washed off with DPBS. For the prevascularized tissue constructs, prepolymer B was mixed at a ratio of 1:1 with the prepared cell suspension of HUVECs and 10T1/2, giving a final composition of 2.5% (w/v) GelMa, 1%(w/v) HA, 0.15%(w/v) LAP, 20 million/ml HUVECs and 40,000/ml 10T1/2s. The cell-laden prepolymer solution was loaded to the fabrication stage and exposed to the UV pattern (15 seconds) with the vascular channel mask (vascular layer) in the middle in Fig. 1A . The unpolymerized part of the cellladen prepolymer solution was then washed off. Prepolymer A was loaded to the fabrication stage and exposed to the UV pattern with the slab mask (top layer) on the right in Fig. 1A to enclose the vascular network (15 seconds). The entire tissue construct measured around 4mm × 5mm in XY plane and 600 μm thick in Z direction. The bioprinted tissue construct was then transferred to a well plate for culturing. For the non-prevascularized tissue construct, the same fabrication process was performed except that prepolymer B was mixed with an equal volume of cell culture medium instead of cells suspensions for the fabrication of the vascular network. To print the tissues in Fig. 1D -1I, HepG2 cells were digested by 0.25% trypsin-EDTA and mixed with the prepolymer to a final composition of 5%(w/v) GelMa+0.15%(w/v) LAP+20 million/ml HepG2.
An image of the native rat capillary network was adapted to a 3D model (measuring 4mm long, 2mm wide, and 500 μm thick) and it was printed with 5%GelMa + 0.15%LAP. The printed hydrogel construct was imaged by a Leica DMI 6000B microscope (bright field, Leica Microsystems).
Mechanical measurement
Mechanical properties of the two compositions of hydrogels were investigated by dynamic mechanical analysis (DMA 8000, Perkin Elmer, USA). The samples (n=3 for each composition) were made into a 1 mm × 10 mm × 11 mm cuboid using the same UV exposure parameters. Compression tests with frequency scan measurement mode was used to determine the compression modulus of the hydrogels. The test was conducted at 23 °C with loading rates from 0.1 Hz to 3Hz. The maximum strain was kept constant at 10%. Data were reported as mean ± standard deviation.
Cell viability assay
Slab tissue constructs (4mmx5mmx600μm) were printed with 1%HA+2.5%GelMa +0.15%LAP encapsulating 20 million/ml HUVECs and 40,000/ml 10T1/2 cells. Cell viability assay (LIVE/DEAD® Viability/Cytotoxicity Kit, Invitrogen) was performed on day 1, day 3 and day 7 after the tissue constructs were printed. The tissue constructs (n=3 for each time points) were washed with DPBS three times after removing the culture medium. The tissue constructs were then stained with 2μM calcein AM (live cell stain) and 4μM ethidium homodimer-1 (dead cell stain) solution at room temperature for 30 minutes. After the incubation, live/dead assay was removed and the samples were washed with DPBS. Zstack fluorescence images of the samples were taken by a Leica DMI 6000B microscope (10X objective, Leica Microsystems) immediately after the wash for quantification. Live and dead cells were counted manually in a blinded experiment for each sample. Data were reported as mean ± standard deviation.
Degradation test in vitro
We printed the same hydrogel constructs with fluorescent beads labeling different regions. The base (island) and top layers were printed with 5% GelMa+0.15%LAP mixed with green fluorescent beads. The channel layer was printed with 1%HA+2.5%GelMa+0.15%LAP mixed with red fluorescent beads. The hydrogel constructs were incubated with 100 units/ml hyaluronidase at 37 ºC. Fluorescent images of the hydrogel constructs were taken by Leica DMI 6000B microscope (Leica Microsystems) after 0, 1, 2, 4, 24, and 48 hours. Before the imaging of each time point, the hyaluronidase solution was removed and the samples were washed with DPBS solution for three times. After imaging, the DPBS solution was removed and replaced with fresh 100 units/ml hyaluronidase solution. Then the samples were put back to the incubator for subsequent digestion.
Immunofluorescence staining and image acquisition of the in vitro cultured tissues
To investigate the endothelial network formation in vitro, the tissue constructs were cultured for a week and then fixed with 4% paraformaldehyde phosphate buffer solution (PFA, Wako) for 30 minutes at room temperature. The fixed samples were blocked and permeabilized by 2% bovine serum albumin (BSA, Gemini Bio-Products) solution with 0.1% Triton X-100 (Promega) for 1 hour at room temperature and then immunostained using primary antibodies against human CD31 (1:100, Thermo Scientific) and alpha-smooth muscle actin (α-SMA, 1:100, Abcam). The samples were then imaged by a Leica SP5 confocal microscope (Leica microsystems) with the z-stack function. The 3D view was reconstructed by Imaris software (Bitplane).
In vivo implantation of tissue constructs
Severe combined immunodeficiency (SCID) mice were used for the in vivo experiments. The bioprinted tissue constructs were cultured in vitro for 1 day to stabilize before implantation. For the subcutaneous implantation, a dorsal skin incision (1 cm) was created on each side of the back of the SCID mice and a subcutaneous pocket was built by blunt preparation. The prevascularized and non-prevascularized tissue constructs were inserted into the left pocket and the right pocket respectively. Afterwards, the wounds were thoroughly closed with 3-0 polypropylene sutures. The tissue constructs were harvested after 2 weeks post-implantation.
Immunofluorescence, histology staining and image acquisition of the in vivo grafted tissues
Two weeks after implantation the tissue constructs were harvested from in vivo. The tissue constructs were fixed with 4% PFA immediately for 30 minutes at room temperature and then dehydrated in 30% sucrose solution at 4 °C overnight. The dehydrated samples were embedded in the optimal cutting temperature (OCT) compound and frozen at −80 °C overnight. The frozen samples were then cryosectioned at a thickness of 20 μm. To identify the implanted endothelial network, the sections were stained with nuclei stain (DAPI) and primary antibodies against human-specific Von Willebrand Factor (hVWF, 1:100, Santa Cruz Biotechnology) and human CD31 (1:100, Thermo Scientific). The fluorescent images were taken by a Leica DMI 6000-B microscope.
To investigate the anastomosis between the grafted tissue construct and host circulation, sections were stained with hematoxylin and eosin (H&E) for the identification of red blood cells and blood vessels. Histology images were taken by a Keyence BZ-9000 microscope with multicolor CCD camera.
Perfusion of mouse and human specific lectins
To distinguish the mouse and human endothelial networks at the interface of the host and grafted tissues, mouse and human specific lectins were injected in vivo two weeks after the implantation according to the previous work [28] . In brief, 200 μl of 500 μg/ml lectin from helix pomatia agglutinin (HPA) FITC conjugate (Sigma-Aldrich), and 100 μg/ml lectin from Ulex europaeus agglutinin-Atto (UEA) 594 conjugate (Sigma-Aldrich) in DPBS was injected via the tail vein of the SCID mice. The grafted tissue constructs were subsequently harvested from the mice and fixed with 4% PFA immediately for 30 minutes at room temperature. The fixed tissue constructs were then dehydrated in 30% sucrose solution at 4 °C overnight. The dehydrated samples were embedded in the OCT compound and frozen at −80 °C overnight. The frozen samples were cryosectioned at a thickness of 20 μm. The sections were imaged by a Leica DMI 6000-B microscope.
Statistical Analysis and Quantification of Vascularization Parameters
The vascularization parameters were quantified on the imaged H&E sections using FIJI open source software [2, 10, 29] . Vessel area density was quantified by adding up the area of the individual vessels in a section and normalized to the area of the grafted tissue in the section. Vessel number was quantified by counting individual disconnected vessels within a section and then normalized to the area of grafted tissue in the section. Data was reported as mean values with error bars representing the standard deviations. Comparisons of sample means were performed by t test using Origin software (OriginLab). P < 0.05 was considered statistically significant.
Results and Discussion
3D bioprinting of prevascularized tissues
The schematic of the μCOB is shown in Fig. 1A . The digital micromirror array device (DMD) features an array of approximately two million micromirrors which can be controlled individually to dictate the optical pattern that is projected to the monomer solution on the fabrication stage. A UV LED (365 nm) was used to induce the photopolymerization of the photosensitive biomaterials. A motorized syringe pump system was used to add and remove the prepolymer solution. The continuous 3D printing process is realized by continuously feeding a series of digital masks to the DMD chip and simultaneously moving the stage. The digital masks can be sliced from 3D models built in computer-aided-design (CAD) software or computed tomography (CT) and magnetic resonance imaging (MRI) scans of the native organs. The entire 3D printing process is digitalized and controlled by a computer, which offers the great reproducibility and flexibility to modify the design and optimize the design parameters.
To 3D print the tissue constructs, we have chosen two biocompatible and photopolymerizable hydrogels as the matrix material: GM-HA and GelMa. Hyaluronic acid (HA) is an immunoneutral biocompatible material that can be found ubiquitously in native tissues and it has important roles in many cellular responses, such as cell signaling, wound healing, and angiogenesis [30] . The addition of methacrylate groups to HA makes it photopolymerizable, while retaining the biological activity of HA to promote endothelial cell proliferation [24, 31, 32] . GelMa is also a photopolymerizable hydrogel modified from denatured collagen that retains natural cell binding motifs [26] . Besides supporting good cell viability following encapsulation and mediated cell-biomaterial interaction, GelMa has also been used to create perfusable microchannels seeded with endothelial cells for the engineering of microvascular network [26] . Furthermore, both GM-HA and GelMa offer tunable mechanical properties by varying the methacrylation ratio and material concentration [26, 31] .
For this particular study, we have designed three digital masks (Fig. 1A ) to fabricate tissues with gradient channel widths (ranging from 50 μm to 250 μm), mimicking the branching structure of a vasculature network. A non-prevascularized tissue (Fig. 1B) and a prevascularized tissue (Fig. 1C) were fabricated with the same design. With the highly efficient μCOB platform, the printing process for each tissue construct was completed within 1 minute. For both types of tissues, we used a mixture of 1% GM-HA and 2.5% GelMa for the fabrication of the channel region. 5% GelMa was used to fabricate the surrounding region. For the prevascularized tissue, HUVECs and 10T1/2 cells were encapsulated in the same mixture of GM-HA and GelMa at a cell density ratio of 50:1 suggested by previous work [28] . To demonstrate the versatility of 3D printing tissues with complex microarchitecture and controlled cell distribution, we fabricated tissue constructs with uniform channels (Fig. 1, D to F) as well as gradient channels (Fig. 1, G to I ). For both tissue constructs, we encapsulated HUVECs (CellTracker™ red labeled) in the channels and liver hepatocellular HepG2 cells (CellTracker™ green labeled) in the surrounding region. Both types of cells were precisely localized to the designated region, which is a key feature for engineering tissue with complex microarchitecture and multiple material compositions. To demonstrate the capability of printing highly complex 3D structures with microscale resolution, we also printed a tissue construct replicating the rat capillary network (Fig. S1 ). This biomimetic tissue construct features intricate microchannels with diameters ranging from 50μm down to 5μm at different z heights.
The mechanical property of the two compositions of hydrogels was measured by dynamic mechanical analysis (DMA, Fig. 2A ). As shown in Fig. 2A , the hydrogel used for the channel region (2.5% GelMa + 1% GM-HA) has a much lower elastic modulus than the hydrogel used for the surrounding region (5% GelMa). We hypothesize that the difference in mechanical stiffness would induce the lining of the cells to the walls of the channels, which is the interface between the two hydrogels based on previous studies [33] [34] [35] [36] . Notably, the mechanical property of the two hydrogels remained stable over different frequencies (from 0.1 to 2.5 Hz), which has been the suggested requirement for mechanical stability needed for the pulsatile flow environment of blood vessels [1] .
In vitro culture of the prevascularized tissues
We first evaluated the biocompatibility of the μCOB printing process. We performed the cell viability assay on day 1, day 3, and day 7 after printing the tissue constructs based on z-stack imaging of the live/dead staining samples (Fig. 2B) . It was found that over 85% viability was achieved, which is similar if not higher compared to the tissues printed by nozzle-based 3D bioprinters [3, 15, 37] . This can be partly explained by the high efficiency of the μCOB method that cells are exposed to the printing process for very short time (less than 1 min). Also, in μCOB printing, there is no shear stress or dispensing pressure caused by the cell delivery through the nozzle in the conventional 3D bioprinters which is reported to have negative influence on cell viability [38] [39] [40] . This highlights the biocompatibility of the μCOB printing process. And optimization of cell handling before and during the printing process can be performed to further increase the cell viability.
To test our hypothesis that the material in the channel region can be biodegraded by enzymes such as hyaluronidase and form hollow channels, we begin with a hydrogel degradation assay in vitro. We labeled the different regions of the tissue constructs with different fluorescent beads. The channel area was labeled with red fluorescence and the other regions were labeled with green fluorescence. The printed tissue constructs were incubated with 100 u/ml hyaluronidase at 37 ºC [31] . Within 48 hours, most hydrogel in the channel area vanished, leaving hollow channels (Fig. S2) . We are aware that it is very hard to replicate the in vivo biodegradation environment, given the complex ECM dynamics in vivo and the dramatic differences from tissue to tissue. However, this in vitro degradation assay could support our hypothesis to some extent and encourage us to move on to the in vitro culture with cells and the in vivo implantation.
The 3D bioprinted prevascularized tissues with endothelial cells and supportive 10T1/2 cells were then cultured in vitro to investigate the formation of the endothelial network. We performed immunofluorescence staining on the prevascularized tissues after 1-week culture in vitro. Human-specific CD31 staining (green) shows the conjunctive network formation of HUVECs at different patterned channel widths (ranging from ~50 μm to ~250 μm, Fig. 3 , A to C). Alpha-smooth muscle actin (α-SMA) positive cells (purple) were observed lining along the channel wall in tight conjunction with the HUVECs, which suggests that 10T1/2 cells were induced into a pericyte phenotype supporting the vessel formation (Fig. 3 , A to C) [2] . Cross-sectional view and 3D reconstruction from confocal microscopy revealed the formation of lumen-like structures by CD31-positive HUVECs lining along the channels after 1-week culture in vitro (Fig. 3, D and E) , further confirming our degradation hypothesis.
Endothelial network formation in vivo
To investigate the formation of the endothelial network in vivo, we implanted both the prevascularized tissues and the non-prevascularized tissues (control group) under the dorsal skin of SCID mice. In the prevascularized tissues, a mixture of HUVECs and 10T1/2 cells (50:1) were printed into the gradient channels (Fig. 1C presents the prevascularized tissue before implantation). In the non-prevascularized tissues, no cells were printed into the samples, only hydrogels with same compositions were used (Fig. 1B presents the nonprevascularized tissue before implantation).
After 2 weeks of subcutaneous implantation, the grafted tissues were harvested and cryosectioned for immunofluorescence staining. To inspect the interconnection of the endothelial network, each group of tissues was sectioned in two directions: longitudinally (xy-plane, denoted in Fig. 1A ) and transversely (xz-plane, denoted in Fig. 1A) . hVWF staining revealed the survival and progressive formation of the endothelial network in the group of prevascularized tissues, while no positive staining of hVWF was found in the control group (Fig. 4) . Similarly, staining of human-specific CD31 confirmed the survival and dense formation of the endothelial network in the prevascularized tissues (Fig. 5) .
Notably, from Fig. 4C and Fig. 5C , we observed that the printed patterns were well preserved in the non-prevascularized tissues after 2 weeks of in vivo implantation. In the prevascularized tissues, however, the hydrogels were observed to have lost the printed patterns. These results suggested that the prevascularized tissues could survive and form progressive endothelial network in vivo over the 2-week period.
Anastomosis of the prevascularized tissue with the host circulation
To investigate the anastomosis of the implanted tissue construct with the host vasculature, we performed H&E staining to the tissue grafts harvested from the 2-week subcutaneous implantation (Fig. 6 ). In the prevascularized tissues, significant amount of endothelial vessels with red blood cells were found, indicating successful anastomosis of the preformed vasculature with the host blood vessels (Fig. 6A) . In the non-prevascularized tissues, very limited endothelial networks were found only near the periphery of the implanted tissue construct, and a majority of the imaged graft area remained as the biomaterial matrix without cells (Fig. 6B) . To better assess the benefits of prevascularization, we quantified the vascular area density and the average vessel counts per area on the H&E sections (Fig.  6C&D) [2, 10] . The quantifications suggested that compared to the non-prevascularized tissues, the prevascularized tissues were characterized by significantly increased vascular area density (3.24% ± 0.44% compared to 0.17% ± 0.14%, in the non-prevascularized group) and a significantly higher number of vessels per area (66.10 ± 16.32/mm 2 , compared to 7.66 ± 9.25/mm 2 in the non-prevascularized group).
To further investigate the origins of the vasculature at the interface between the host and the grafted tissue, we injected the mice with mouse-specific lectin (HPA) and human-specific lectin (UEA) via tail vein after two weeks post-implantation based on previous work [2] . Previous studies have demonstrated that these lectins bind specifically to mouse or human endothelial cells respectively [2, 41, 42] . Fluorescent images exhibited that in the prevascularized tissues, large numbers of the endothelial networks in the graft area were colabeled with both HPA and UEA, suggesting the chimeric compositions of host and grafted cells in these vessels (Fig. 7A) . In the non-prevascularized tissues, only the mouse-specific HPA stained the host tissue and minor region of the graft area (Fig. 7B) . Notably, the host tissues in both prevascularized and non-prevascularized groups were only stained with HPA and no UEA stain was observed in the graft area of the non-prevascularized group, which confirms the binding specificity of the two lectins. Further staining of hVWF confirmed the contribution of the human-origin HUVECs to the endothelial networks in the graft of prevascularized tissues (Fig. 7A) . Together, these results indicated that the human endothelial networks in the prevascularized tissues were perfused after implantation and anastomosed with the host circulation.
Conclusion
Vascularization has been the bottleneck for engineering large-scale or highly metabolic tissues for decades [43] [44] [45] . While considerable amount of work has been carried out in the tissue engineering field, there remains an urgent need for a versatile and efficient approach that simultaneously offers speed, resolution, flexibility and scalability to build complex tissues integrated with functional vascular network [1] [2] [3] 44] . We have presented a new platform for engineering vascularized tissues with naturally derived biomaterials based on our rapid 3D printing platform -μCOB. This computer-aided photopolymerization-based 3D bioprinting system offers superior speed, resolution, flexibility and scalability over the conventional bioprinters. Its digital nature also provides the flexibility to easily investigate different designs, which is a key to studying the architectural features of the vasculature network. The prevascularized tissues printed by μCOB demonstrated high cell viability and successful endothelial network formation both in vitro and in vivo. Anastomosis between the grafted prevascularized tissues and the host vasculature was observed indicating the formation of functional vasculature in engineered tissues. This platform can be further extended to engineer other tissues that feature complex microarchitectures, such as liver, heart and nerve tissues. By incorporating the prevascularization technique with other primary or stem cells we can potentially engineer functional large-scale tissues for drug testing or even organs for transplantations. With the high resolution and rapid printing speed, it's relatively easy to scale up to print large hollow vessels for blood flow. Future work can be done to print large vessels and micro-vasculature network together for large tissue constructs. Also, the large scale tissue can be integrated into fluidic devices/bioreactors to simulate blood flow and promote diffusion. Although we used two types of hydrogels (GM-HA and GelMa), a variety of other biomaterials can also be modified and incorporated into the bioprinted tissue constructs to promote tissue maturation and functions, including growth factors, nanoparticles and other biomolecules. With its versatility and biocompatibility, the presented engineering strategy of building vascularized 3D tissues can be broadly applied to promote the development and translation of tissue engineering and regenerative medicine.
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Fig. 4. Endothelial network formation in the prevascularized tissues (A, B) and nonprevascularized tissues (C, D) after 2-week subcutaneous implantation shown by hVWF staining
In the prevascularized tissues, a mixture of HUVECs and supportive 10T1/2 cells were printed into the gradient channels (Fig. 1C presents the prevascularized tissue before implantation). In the non-prevascularized tissues, no cells were printed into the samples, only biomaterials were used (Fig. 1B presents the non-prevascularized tissue before implantation). The bioprinted tissues were implanted under the dorsal skin of SCID mice for two weeks. The samples harvested from the implantation were cryosectioned in both xy and xz planes (xyz axises were designated in Fig. 1A ). DAPI was used to stain the nuclei (blue) and hVWF was used to stain the endothelial network (green). Scale bars, 100 μm. In the prevascularized tissues, a mixture of HUVECs and supportive 10T1/2 cells were printed into the gradient channels (Fig. 1C presents the prevascularized tissue before implantation). In the non-prevascularized tissues, no cells were printed into the samples, only biomaterials were used (Fig. 1B presents the non-prevascularized tissue before implantation). The bioprinted tissues were implanted under the dorsal skin of SCID mice for two weeks. The samples harvested from the implantation were cryosectioned in both xy and xz planes (xyz axises were designated in Fig. 1A ). DAPI was used to stain the nuclei (blue) and CD31 was used to stain the endothelial network (red). Scale bars, 100 μm. 
